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Optical microscopy offers a unique insight of biological structures with a sub-micrometer resolution and a
minimum invasiveness. However, the inhomogeneities of the specimen itself can induce multiple scattering of
light and optical aberrations which limit the observation to depths close to the surface. To predict quantitatively
the penetration depth in microscopy, we theoretically derive the single-to-multiple scattering ratio in reflection.
From this key quantity, the multiple scattering limit is deduced for various microscopic imaging techniques such
as confocal microscopy, optical coherence tomography and related methods.
INTRODUCTION
For decades, optical imaging has been a vital tool in biology as it enables to investigate non-invasively living specimens [1].
With a diffraction limited resolution of the order of 1 micron, a conventional microscope can reveal sub-cellular structures in bio-
logical tissues. However, the imaging depth that can be achieved remains shallow due to the scattering of light that occurs during
its propagation inside the specimen. Indeed, the principle of a conventional microscope relies on a weak interaction between the
incident light and the specimen which corresponds to the Born approximation. In a reflection configuration, this approximation
supposes that the reflected light has been scattered only once by the specimen and experienced a ballistic propagation from the
source to the scatterers and once again from the scatterers to the detector. Yet, an high concentration of heterogeneities in the
specimen can induce multiple scattering (MS) events that make this assumption no longer valid. Thus, the reflected light can
be splitted into two terms: a single scattering (SS) contribution - the component of interest - and a detrimental MS contribu-
tion. Typically, beyond one scattering mean free path `s, the mean distance between two scattering events, the MS contribution
becomes predominant and a conventional microscope fails to yield an accurate image of the medium. The ability to image an
inhomogeneous medium is therefore directly given by the ratio of the SS and MS contributions that we will refer to as the single-
to-multiple scattering ratio (SMR). It directly provides the image contrast and should not be confused with the signal-to-noise
ratio that can also limit the imaging depth in low-sensitivity optical imaging systems.
To cope with the fundamental issue of MS in optical imaging, several strategies have been proposed to enhance the SS
contribution and thus to extend the imaging depth [2]. The first option is to spatially discriminate SS and MS as performed in
confocal microscopy [3] or two-photon microscopy [4]. The principle is to select, for each input illumination focused at one
location of the sample, only the reflected light that comes from the illumination point. In practice, either a pinhole conjugated
with a point source placed in front of the detector or the high density of power at focus ensure spatial selection. A complete
image is then obtained by repeating this scheme for all the positions inside the field-of-view (FOV). One can see this as the
measurement of the impulse response of the system between a point source at the input and a point detector at the pinhole
location. The second option consists in separating SS from MS photons by means of time gating [5, 6]. The most widely used
coherence time-gated technique is probably optical coherence tomography (OCT) [7], which is analogous to ultrasound imaging.
It combines scanning confocal microscopy with coherent heterodyne detection. By taking advantage of a time-resolved impulse
response, OCT has drastically extended the imaging-depth limit compared to conventional microscopy. Nevertheless, its ability
in imaging soft tissues remains typically restricted to a depth of 1 mm [2].
For larger depths, the MS light is usually considered as randomized and modeled with the diffusion theory which neglects all
the interferences effects. However, recent developments in light manipulation techniques demonstrated the possibility to focus
light spatially through a strongly scattering medium by properly shaping the incident wavefront [8]. Subsequently, a matrix
approach to light propagation through such media was proposed [9]. Using the knowledge of impulse responses between a
spatial light modulator (SLM) and a CCD camera, this transmission matrix allows to take advantage of the MS light to focus
at a given position or transmit information across a scattering medium [10]. Even more recently, this approach was adapted to
the reflection configuration for imaging purposes [11]. Compared to OCT, an extension of the imaging depth was reported both
experimentally and theoretically [12]. As a lot of efforts are currently made to increase the penetration depth in microscopy
[11–14], a quantitative prediction of the MS limit in optical imaging is needed.
In spite of the crucial role of MS in microscopy, only few studies have analytically addressed this issue to our knowledge
[15–21]. Schmitt et al. [15] investigated the SS contribution in confocal microscopy but their MS analysis was restricted to a
Monte Carlo simulation. Kempe et al. [16] analytically derived the SMR for a confocal microscope, but only in a transmission
configuration. In OCT, most studies assumed that MS only arises from photons that have been backscattered from the target
layer and not from the bulk tissue [17–20]. On the contrary, in this article, we focus on the latter contribution that dominates at
large probing depths and gives rise to a predominant diffuse background [22, 23].
In this article, we propose to study the performance of microscopy imaging techniques in reflection. To that aim, we investigate
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2the impulse responses between the source and detector planes, both in the single and multiple scattering regimes. A theoretical
expression of the SMR is then derived for different imaging apparatuses: a conventional microscope, a confocal microscope and
an OCT system. After a description of the imaging conditions considered throughout this article (section 1), the performances
of these imaging techniques are firstly investigated for a point-like target embedded in a turbid medium (sections 3-6). Then,
these results will be expanded to an extended target (section 7). Finally, the imaging of the turbid medium itself is addressed by
considering the example of biological soft tissues (section 8).
IMAGING CONDITIONS: OPTICAL MICROSCOPE IN A REFLECTION CONFIGURATION
Figure 1(a) describes the system consisting of the microscope investigated throughout this article. The specimen that we want
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FIG. 1: Imaging configuration. (a) A specimen in the focal plane of a MO is illuminated by a source at position ri in the back focal plane
of a lens Li. The reflected light is collected through the same MO and measured in the focal plane of a lens Lo. (b) Plane wave illumination
configuration. (c) Focused illumination configuration.
to image is placed in the focal plane of a microscope objective (MO) of focal length f . The sample is illuminated by a source
either at position ui in the pupil plane (plane wave illumination) or at position ri in the back focal plane of a lens Li (focused
illumination). The reflected light is collected through the same MO and its intensity is measured either at position uo in the pupil
plane or at position ro in the focal plane of a lens Lo. For the sake of simplicity but without loss of generality, we will assume
that the magnification of the microscope is 1 (4f-system). As seen in Fig. 1, input-output responses can connect points located in
the pupil planes (ui and uo) or in the source/image conjugate planes (ri and ro, respectively). The pupil plane is associated with
a plane wave illumination at emission or a plane wave decomposition of the scattered wave-field at reception [see Fig. 1(b)]. In
the conjugate focal planes, a point source ri gives rise to a focused illumination in the focal plane, while a receiver at point ro
3detects light coming from a focal spot in the sample plane.
As a first step, we will consider, in the next sections, the imaging of a single scatterer, referred to as a target, embedded, at
a depth F , within a diffusive layer of thickness L [see Fig. 2(a)]. Wave transport across the scattering layer is described by the
usual transport parameters: `s, the scattering mean free path, `t, the transport mean free path and, D, the diffusion constant.
Due to the diffusive layer, the impulse response g between the input and output points can be decomposed as the sum of two
contributions: A SS contribution gS associated with the target; A diffusive contribution gM which corresponds to the set of MS
paths induced by the diffusive layer. We now propose to derive the expression of these two contributions in order to express the
SMR in various imaging scenarios. This key quantity will give the ability of the imaging system to detect a target embedded
within a strongly scattering medium.
SINGLE-TO-MULTIPLE SCATTERING RATIO IN THE PUPIL PLANE
In this section, we first want to assess theoretically the SS and MS components of the impulse response for a source/receiver
couple in the pupil plane. A monochromatic point source located at point ui = (vi, wi) in the input pupil plane (z = 2f )
illuminates the sample at frequency ω. A virtual detector records the back-scattered wave-field at point uo = (vo, wo) in the
output pupil plane [see Fig. 1(a)].
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FIG. 2: (a) Imaging of a target embedded at depth F inside a scattering medium of scattering mean-free path `s. Both the incident and
reflected wave-fields can be scattered by the heterogeneities of the medium before or after reaching the target. (b) Between the first and the
last scattering event, the propagation of light is modeled with a propagator Γ using the radiative transfer or diffusion theories.
Single scattering contribution
Under the Born approximation, the SS impulse response, gS(uo,ui, ω), can be expressed as [24]:
gS(uo,ui, ω) =
∫
d3rgl(uo, r, ω)v(r)gl(r,ui, ω) (1)
where v(r) is the scattering potential and gl(r,ui, ω) is the lens impulse response between the point source ui and a point
r = (x, y, z) in the vicinity of the MO focal plane. By reciprocity, gl(ui, r, ω) = gl(r,ui, ω). The ensemble average of the lens
impulse response, denoted as 〈gl〉, is given by [25]:
〈gl(r,ui, ω)〉 = e
− F−z2µi`s eik(2f−z)e−i
kz
2f2
|r‖|2e−i
k
f r‖.ui
iλf
p(ui) (2)
with θi = arctan(||ui||/f), the incident angle, µi = cos θi, its director cosine, λ, the wavelength, k = 2pi/λ, the wave number
and r‖ = (x, y) the transverse coordinates in the focal plane of the MO. The term e−(F−z)/`s corresponds to the exponential
decrease of the ballistic wave across the diffusive layer [24]. p(ui) is the pupil function [25]. Its modulus accounts for the finite
aperture of the MO:
|p(ui)| =
{
1 inside the lens aperture
0 otherwise (3)
4The phase of the pupil function may account for the aberrations induced by the imperfections of the optical system or the
scattering medium itself. The target is assumed to be point-like and located at the origin, such that [24]:
v(r) =
√
σδ(r) (4)
with σ, the scattering cross-section of the target and δ, the Dirac distribution. Under this approximation, the ensemble average
of Eq. (1) can be written as:
〈gS(uo,ui, ω)〉 = −
√
σ
(λf)2
e
− F2`s
(
1
µi
+ 1µo
)
e4ikfp(uo)p(ui) . (5)
with θo = arctan(||uo||/f), the output angle and µo = cos θo, its director cosine. Because of the point-like feature of the target,
the SS intensity |gS(uo,ui, ω)|2 is constant over the pupil area.
Multiple scattering contribution
The MS component of the impulse response in the pupil plane, denoted as gM (uo,ui, ω), is now investigated. Here, the
scatterers are assumed to be randomly distributed in the diffusive layer and a probabilistic approach is adopted. In the MS
regime, the mean intensity of the impulse response
〈|gM (uo,ui, ω)|2〉 is made of an incoherent contribution (diffusive halo)
and of a coherent component related to the coherent backscattering effect [24, 26–28]. For the sake of simplicity, we will neglect
the coherent contribution that is angle-dependent. This approximation is justified by the fact that the coherent backscattering
effect results in an intensity enhancement by a factor of two only in the vicinity of the backscattering direction. Hence, it will not
modify drastically the order of magnitude of the intensity scattered by the diffusive layer. Upon this approximation, the mean
intensity
〈|gM (uo,ui, ω)|2〉 can be expressed as [24]:〈|gM (uo,ui, ω)|2〉 ' ∫
Ω
dr1
∫
Ω
dr2 |〈gl(uo, r2, ω)〉|2 Γ(r2, r1) |〈gl(r1,ui, ω)〉|2 (6)
where Ω denotes the volume occupied by the scattering medium in the FOV of the MO. Equation (6) can be given a physical
interpretation by reading the integrands from right to left. The term |〈gl(r1,ui, ω)〉|2 accounts for the intensity of the incident
wave-field at point r1 where the first scattering event occurs. Γ(r2, r1) corresponds to the impulse response for the energy
transport from r1 to r2 where the last scattering event occurs [see Fig. 2(b)]. |〈g(uo, r2, ω)〉|2 describes the propagation between
the last scattering event and the detector located at point uo in the pupil plane. Injecting Eq. (2) into Eq. (6) leads to〈|gM (uo,ui, ω)|2〉 = p(uo)p(ui)
(λf)4
∫
Ω
dr1
∫
Ω
dr2 exp[−(z′1 + z′2)/`s]Γ(r2, r1) . (7)
z′1 = (F − z1)/µi and z′2 = (F − z2)/µo are the distances traveled by the incoming and out-coming waves within the scattering
sample before and after the first and last scattering events, respectively. The integral in the above equation is directly related to a
physical quantity α called the incoherent albedo (or bistatic coefficient) in diffusion theory [24, 28]. It is defined as the ratio of
the energy flux per unit solid angle dΩ to the incident energy flux. Its expression is given by:
α =
1
(4pi)2W 2
∫
Ω
dr1
∫
Ω
dr2 exp[−(z′1 + z′2)/`s]Γ(r2, r1) . (8)
The radiative transfer equation yields the following expression for the bistatic coefficient α [24]:
α(µr) ∼ 3
4pi
µr
(
µr +
z0
`t
)(
1− 5
3
`t
L+ 2z0
)
(9)
with θr = θo−θi, the reflection angle and µr = cos(θr), its director cosine. z0 is the distance from the scattering layer boundary
at which the energy flux should cancel according to diffusion theory. In presence of a refractive index mismatch at the scattering
medium boundaries, it can be expressed as [29]
z0 =
2
3
`t
1 +R
1−R (10)
with R the internal reflection coefficient. In the following of the study, for analytical tractability, the albedo α(µ) will be
considered as constant with respect to the direction cosine µ and replace by its average α over the NA of the MO:
α ' 1
2 sin2(β/2)
∫ 1
cos β
dµrα(µr) (11)
5with β = arcsin(NA) the acceptance angle of the MO. Under this approximation and using Eq. (8), Eq. (7) can be rewritten as,
〈|gM (uo,ui, ω)|2〉 = (4pi)2αW 2
(λf)4
p(uo)p(ui) . (12)
This expression yields the MS intensity in the pupil area but it does not provide any information on its coherence length.
According to the van-Cittert Zernike theorem [30], the mutual coherence of the wave-field in the back focal plane should
correspond to the Fourier transform of the intensity distribution in the object focal plane. By assuming this intensity distribution
to be uniform over the FOV W 2, the coherence length lc of the impulse response in the pupil plane gM (uo,ui, ω) is then given
by
lc ∼ λf
W
. (13)
Typically, lc is of the order of δr = λ/(2NA), the resolution length of the imaging system.
Single-to-multiple scattering ratio for a point-like target
Now that both the SS and MS components of the impulse response have been expressed in the pupil plane, we can derive the
corresponding SMR. The mean SS intensity is constant and equals to |〈gS(uo,ui, ω)〉|2 [Eq. (5)]. Assuming the MS intensity is
incoherent in the pupil plane, this contribution can be estimated by
〈|gM (uo,ui, ω)|2〉 [Eq. (12)]. The SMR in the pupil plane,
referred to as SMRp, is then given by:
SMRp =
1
(4pi)2
σ
W 2
e
− F`s
(
1
µi
+ 1µo
)
α
. (14)
This expression is insightful since it yields the different parameters that govern the SMR in the pupil plane. It can be expressed
as the product of two ratios. The first ratio between the scattering cross-section σ and the FOV tells us simply that the brighter
or bigger the target is, the stronger the SS intensity will be. The second ratio indicates the effect of the scattering medium on
the two components of the detected intensity. The SS intensity experiences an exponential attenuation while the MS background
intensity is accounted for by the diffusive albedo.
Since both the SS and MS intensities are constant over the pupil plane, this configuration may not be best suited for an efficient
separation of these two components. However, the coherence of the SS contribution can be taken advantage of to perform such
a discrimination [11, 31] but it requires the measurement of the complex field by interferometric means. As we will see now,
the investigation of the reflected intensity in the imaging plane offers a direct distinction between the SS and MS components. It
actually corresponds to the imaging configuration of a conventional microscope.
CONVENTIONAL MICROSCOPY
In this section, we want to assess theoretically the SMR for a conventional microscope. For sake of simplicity but without
loss of generality, we will assume a plane wave illumination instead of the commonly adopted Köhler illumination. The latter
one actually corresponds to an incoherent superposition of plane waves. We thus investigate the impulse response g(ro,ui, ω)
between a point source ui in the input pupil plane and a detector point ro in the conjugate imaging plane (z = 4f ) [see Fig. 1(a)].
This impulse response can be expressed as the spatial Fourier transform at the output of g(uo,ui, ω) [25], such that:
g(ro,ui, ω) =
e2ikf
iλf
∫
d2uog(uo,ui, ω)e
−i kf uo.ro . (15)
Single scattering contribution
The SS impulse response gS(ro,ui, ω) is first investigated. Injecting the expression of 〈gS(uo,ui, ω)〉 [Eq. (5)] into Eq. (15)
leads to the following expression for 〈gS(ro,ui, ω)〉:
〈gS(ro,ui, ω)〉 = ie6ikf
√
σe−F/(2`sµi)e−F
′/(2`s)
δ2r(λf)
h (ro) . (16)
6F ′ is the effective target depth that accounts for the exponential decrease of the ballistic wave averaged over the NA, such that,
e−F
′/(2`s) =
1
2 sin2(β/2)
∫ 1
cos β
dµe−F/(2`sµ). (17)
h(ro) is the normalized point-spread function of the optical system [25]:
h(ro) =
1
A
∫
d2uop(uo)e
−i kf uo.ro (18)
with
A =
(
λf
δr
)2
(19)
the MO pupil area. In conventional microscopy, the spatial distribution of the SS intensity is given by the square norm of the
point spread function h(ro). In absence of aberrations and for a circular aperture p(uo), we retrieve the well-known Airy disk
centered around the target location.
Multiple scattering contribution
Similarly, the MS component gM (ro,ui, ω) can also be written as the spatial Fourier transform at the output of gM (uo,ui, ω)
[Eq. (15)]. As shown previously, gM (uo,ui, ω) is an incoherent wave-field of coherence length lc uniformly distributed over
the pupil area A. Owing to the Fourier transform properties, gM (ro,ui, ω) is also an incoherent wave-field of coherence length
δr ∼ λf/
√
A [Eq. (19)] uniformly distributed over the FOV of characteristic size W ∼ λf/lc [Eq. (13)]. Energy conservation
implies an equality of the energy flux at the pupil and imaging planes such that,
W 2〈|gM (ro,ui, ω)|2〉 = A〈|gM (uo,ui, ω)|2〉 (20)
for uo and ui in the pupil area and ro in the FOV of the imaging system. Injecting Eq. (12) into Eq. (20) yields the following
expression for 〈|gM (ro,ui, ω)|2〉:
〈|gM (ro,ui, ω)|2〉 = (4pi)
2α
δ2r(λf)
2
p(ui). (21)
This expression indicates that, for a plane wave illumination in the entrance pupil plane, the MS intensity presents an uniform
distribution in the imaging plane.
Single-to-multiple scattering ratio
The SMR in conventional microscopy, referred to as SMRm, can be expressed as the ratio between the target intensity given by
|〈gS(0,ui, ω)〉|2 [Eq. (15)] and the MS background. By considering its uniform distribution in the imaging plane, this quantity
is provided by
〈|gM (ro,ui, ω)|2〉 [Eq. (21)]. the averaged value of the SMR in conventional microscopy is then given by
SMRm =
S
(4pi)2
σ
δ2r
e−2F
′/`s
α
(22)
with S = |h(0)|2, the Strehl ratio ranging from 0, in the case of a fully aberrated point-spread function, to 1 in the ideal case
[32]. Compared to the previous result in the pupil plane [Eq. (14)], the SMR in conventional microscopy is increased by a factor
N = (W/δr)
2 which corresponds to the number of resolution cells in the FOV. Whereas the MS background results from the
incoherent superimposition of N independent speckle grains, the target image results from the constructive interference of the
ballistic photons over the NA. However, the aberration undergone by the target ballistic wave-front across the scattering layer
degrades the target focal spot and lowers its intensity. This is accounted for by the Strehl ratio S in Eq. (22).
Figure 3(a) displays the evolution of the SMR for conventional microscopy as a function of the optical depth F/`s. The
parameters used for the computation of the SMR are described in Table I. The considered transport parameters (`s, `t) are typical
of in-vivo cortex tissues [33]. The experimental parameters (λ, F , NA, W ) are typical of full-field OCT [34]. The internal
reflection coefficient R is assumed to be zero since the use of an immersion microscope objective will limit the impedance
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FIG. 3: (a) Single-to-multiple scattering ratio as a function of the optical depth F/`s for a point-like target. The performances of conventional
microscopy (black line), confocal microscopy (blue line), OCT (red line) and smart OCT (green line) are compared. The y-axis is in log-
scale. These curves have been computed considering experimental parameters typical of full-field OCT (see Table I). The detection threshold
(SMR∼ 1, black dashed horizontal line) yields an imaging depth limit of ∼ 4`s for confocal microscopy, ∼ 9`s for OCT and ∼ 17`s for
smart-OCT. (b) Evolution of the corresponding penetration depths derived for each imaging technique as a function of the NA of the MO.
In both (a) and (b), the SMRs in OCT and smart-OCT have been computed by considering either the diffusive approximation [Eq. (39)] or a
Monte-Carlo calculation of the time-dependent albedo (continuous and dashed lines, respectively).
mismatch with tissues. The scattering cross-section is arbitrarily chosen as the geometrical cross-section of a 1 µm diameter
bead. At last, the Strehl ratio S in brain tissues is estimated from a two-photon microscopy experiment that reports a fivefold
signal enhancement when optical aberrations from the brain tissues are corrected with adaptive optics [35]. Figure 3(a) shows
that the depth evolution of the SMR is dominated by the exponential decrease of the ballistic wave across the scattering medium.
In this example, the scattering strength of the target is too weak to obtain a SMR superior to unity. MS is predominant and
prevents from a clear detection of the target. This explains why conventional microscopy can only image extremely thin layers
of biological tissues (10-µm thick) and cannot allow in-vivo imaging of soft tissues.
TABLE I: Experimental parameters used for the theoretical prediction of the single-to-multiple scattering ratio.
n `s [µm] `t [µm] σ [m2] λ [nm] NA S W [µm] τc [fs]
1.4 [36] 150 [33] 1500 [33] pi × 10−12 810 0.4 0.4 103 5
CONFOCAL MICROSCOPY
Imaging deeper into scattering media implies a rejection of the MS background. In confocal microscopy, this rejection is
performed in the spatial domain into two steps. First, an incident wave-field is focused at a given location in the focal plane.
Therefore, the incident wave-field can be seen as originating from a point source ri in the conjugate source plane. Secondly,
the backscattered intensity is measured in the imaging plane with a detector placed after a pinhole. The corresponding impulse
response g(ro, ri, ω) should thus be investigated. It can be expressed as a spatial Fourier transform at emission of g(ro,ui, ω):
g(ro, ri, ω) =
e2ikf
iλf
∫
duig(ro,ui, ω)e
−i 2piλf ui.ri . (23)
8Single scattering contribution
The SS component 〈gS(ro, ri, ω)〉 is first investigated. Injecting the expression of 〈gS(ro,ui, ω)〉 [Eq. (16)] into Eq. (23)
leads to the following expression for 〈gS(ro, ri, ω)〉:
〈gS(ro, ri, ω)〉 = e8ikf
√
σe−F
′/`s
δ4r
h(ro)h(ri) . (24)
In the SS regime, the impulse response between the source plane and the imaging plane corresponds to the product of the input
and output point-spread functions centered around the target location, weighted by the target cross-section and the ballistic
attenuation.
Multiple scattering contribution
As for the SS impulse response, gM (ro, ri, ω) can be written as the Fourier transform at the output of gM (ro,ui, ω). Invoking
the same energy conservation argument that has led to Eq. (20), the following relation can be derived:
W 2
〈|gM (ro, ri, ω)|2〉 = A〈|gM (ro,ui, ω)|2〉 . (25)
Injecting Eqs. (21) and (13) into the last equation finally yields〈
|gM (ro, ri, ω)|2
〉
=
(4pi)2
δ4rW
2
α . (26)
This expression indicates that the multiple scattering intensity is uniformly distributed in the imaging plane [12].
Single-to-multiple scattering ratio
As previously mentioned, a confocal microscope relies on the insertion of a pinhole in the imaging plane at a position ro
conjugated with the incident focusing point ri. The confocal signal associated with the target is thus given by the single scattering
component of the impulse response at the target position, namely 〈gS(0,0, ω)〉. The SMR in confocal microscopy, referred to
as SMRc, can be expressed as the ratio between the target intensity |〈gS(0,0, ω)〉|2 [Eq. (24)] and the uniform MS background
given by
〈|gM (ro, ri, ω)|2〉 [Eq. (26)], such that:
SMRc =
S2
(4pi)2
σ
δ2r
(
W
δr
)2
e−2F
′/`s
α
. (27)
Compared to conventional microscopy [Eq. (22)], the SMR is increased by a factor S × N . The multiplication of the SMR by
N = (W/δr)
2 results from the coherent summation of the incident ballistic wave-front at the target location. This positive effect
on the SMR is reduced by the Strehl ratio S which accounts for the aberration effects undergone by the incident wave-front.
Figure 3(a) illustrates the benefit of the spatial rejection of MS photons performed by confocal microscopy. The corresponding
SMR is displayed as a function of the optical depth F/`s, considering the experimental parameters provided in Table I. The
SMR is drastically increased compared to conventional microscopy.
From the SMR, the penetration limit Lc can be defined as the optical depth at which the SMR reaches a detection threshold
of the order of unity. The corresponding imaging depth limit is displayed as a function of NA= λ/(2δr) in Fig. 3(b). Thanks
to the spatial rejection of the MS background, confocal microscopy allows to image the target at optical depths up to 5`s
(NA= 0.7). Note that the scaling with N of the SMR should imply a continuous increase of Lc with the NA. However, this
effect is counteracted by a larger effective target depth F ′ at large NA [Eq. (17)]: The travel length of the ballistic wave-fronts
inside the scattering layer increases with the angle of incidence. This accounts for the saturation of the penetration depth at large
NA. Combined with a diffraction limited resolution, this performance explains why confocal and multi-photon microscopy are
the most widely used methods for in-vitro microscopy [37]. However, this range of penetration depths corresponds to only a few
hundreds of microns into biological tissues. To go beyond this limit, one can take advantage of the distinct temporal features
displayed by the SS and MS components. Indeed, while singly-scattered photons are associated with a well-defined arrival
time directly linked to the target position, the MS component exhibits a broad time-of-flight distribution due to the numerous
scattering events experienced by the wave-field within the scattering medium [see Fig. 4]. This temporal discrimination between
singly and multiply scattered photons is the major improvement of OCT compared to confocal microscopy.
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FIG. 4: (a) Time-dependent impulse response for a point-like target embedded in a scattering medium. This response can be expressed as the
sum of the MS background (in blue) and the target echo arriving at time t = tB (in red). The time-of-flight distribution of MS photons can
be either computed by means of a Monte-Carlo simulation (continuous line) or analytically predicted by the diffusion theory at large optical
depths (dashed line, Eq. (39)). Coherence time gating allows to select the photons over a time window centered around this ballistic time of
flight and thus drastically enhance the SMR. (b) The corresponding isochronous volume is a slab of thickness c/∆ω centered around the focal
plane.
In OCT, coherence time-gating allows to select the ballistic photons over a time window centered around a chosen time of
flight t. Here, we will focus on the situation where the point source and detector are both located in the conjugate source and
imaging planes, as in confocal microscopy. This configuration is actually the most favorable in terms of SMR since it both
combines a confocal and a temporal discrimination of SS photons. This is the case in optical coherence microscopy when a
pinhole is placed in front of the detector [38], in fiber-based systems where single-mode optical fiber serves as a pinhole aperture
for both illumination and collection of light from the sample [39], and in full-field OCT [40–42] where the spatial incoherence
of the light source acts as a physical pinhole [43].
The source emits a broadband signal f0(t) with a bandwidth ∆ω centered around the frequency ω0. The signal measured by
the detector, denoted as f(ro, ri, t), results from the interference between a part of the incident signal taken as a reference, s(t),
and the back-scattered wave-field ψ(ro, ri, t), which can be expressed mathematically as a temporal correlation:
f(ro, ri, t) = ψ(ro, ri, t) ∗ s(t) . (28)
where the symbol ∗ stands for a temporal correlation. The back-scattered wave-field ψ(ro, ri, t) can be expressed itself as the
convolution of the time-dependent confocal impulse response g(ro, ri, t) with s(t), such that:
f(ro, ri, t) = g(ro, ri, t) ∗ s(−t) ∗ s(t) (29)
which can be decomposed in the frequency domain as
f(ro, ri, t) =
∫
dωg(ro, ri, ω)|s(ω)|2eiωt. (30)
In the same manner as above, we now decompose the recorded signal f into its SS and MS components (f = fS + fM ) and
investigate each term separately.
Single scattering contribution
Injecting Eq. (24) into Eq. (30) leads to the following expression for 〈fS(ro, ri, t)〉:
〈fS(ro, ri, t)〉 =
∫
dω〈gS(ro, ri, ω)〉|s(ω)|2e−iωt . (31)
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Assuming that s(ω) is relatively constant over the frequency bandwidth ∆ω and using the expression of 〈gS(ro, ri, ω)〉 [Eq. 24],
the following expression can be found for the SS contribution at the ballistic time t = tB = 8f/c:
〈fS(ro, ri, tB)〉 ∼
√
σ
δ4r
e−F
′/`s∆ω|s(ω0)|2h(ro)h(ri) . (32)
Multiple scattering contribution
As before, a probabilistic approach should be considered to investigate the MS component of the OCT signal. Using Eq. (30),
the mean time-gated MS intensity
〈|fM (ro, ri, t)|2〉 can be expressed as:〈|fM (ro, ri, t)|2〉 = ∫∫ dω1dω2 〈gM (ro, ri, ω1)g∗M (ro, ri, ω2)〉 |s(ω1)|2|s(ω2)|2ei(ω2−ω1)t (33)
The right hand side of the last equation displays the frequency correlation function of the monochromatic impulse response :
C(ro, ri, ω2 − ω1) = 〈gM (ro, ri, ω1)g∗M (ro, ri, ω2)〉 . (34)
This quantity displays a typical width δω inversely proportional to the Thouless time τD which defines the typical time for a
multiply scattered wave to go through the scattering layer [44]. Assuming that s(ω) is relatively constant over the frequency
bandwidth ∆ω and that this latter quantity is much larger than the correlation frequency length δω [45], one can rewrite the
previous integral as: 〈|fM (ro, ri, t)|2〉 = ∆ω|s0(ω)|4 ∫ dω′C(ro, ri, ω′)eiω′t . (35)
with ω′ = ω2 − ω1. Noting that the inverse Fourier transform of C(ro, ri, ω′) corresponds to the mean intensity of the time-
dependent confocal Green’s function,
〈|gM (ro, ri, t)|2〉, the last equation can be rewritten as,〈|fM (ro, ri, t)|2〉 ∼ ∆ω|s0(ω0)|4 〈|gM (ro, ri, t)|2〉 . (36)〈|gM (ro, ri, t)|2〉 can be deduced from its monochromatic counterpart [Eq. (26)] by substituting the static albedo α by its
time-dependent counterpart α(t′) [24], such that:〈|gM (ro, ri, t)|2〉 = (4pi)2 α(t′)
δ4rW
2
(37)
where t′ denotes the lapse time of the multiply scattered wave within the scattering medium. At the ballistic time t = tB ,
t′ = t′B = 2F/c. The time-dependent albedo α(t
′) is defined as the ratio of the emergent energy per unit surface, unit time
and unit solid angle dΩ to the incident energy flux along a given direction. Its expression is closely related to the static albedo
[Eq. (8)], except that the time-dependent Green’s function for energy transport, Γ(r2, r1, t′), is now considered [24]:
α(t′) =
1
(4pi)2W 2
∫
dr1dr2e
−(z′1+z′2)/`sΓ(r2, r1, t′) . (38)
As the target is embedded within the scattering medium, the time-dependent albedo for a semi-infinite medium should be
considered. Under the diffusive approximation, its expression is the following [24, 28]:
α(t′) ' c(z0 + `s)
2
(4piDt′)3/2
. (39)
This analytical result is compared in Fig. 4(a) with the exact calculation of the time-dependent albedo performed with a Monte-
Carlo simulation. The experimental conditions are given in Table I. There is only a quantitative agreement between the two
curves at times longer than four transport mean free times (`t/c ∼ 7 ps). Nevertheless, as we will show further, the diffusive
approximation yields a correct prediction of the SMR and penetration depth for OCT. As illustrated by Fig. 4(a), coherence time
gating allows to drastically reject multiply-scattered photons. Injecting Eq. (36) into Eq. (37) leads to the final expression for the
time-gated MS intensity:
〈|fM (ro, ri, t)|2〉 ∼ (4pi)2α(t′)
δ4rW
2
∆ω|s0(ω0)|4 . (40)
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Single-to-multiple scattering ratio
The SMR in OCT, referred to as SMRt, can be expressed as the ratio between the target intensity |〈fS(0,0, tB)〉|2 [Eq. (32)]
and the MS intensity
〈|fM (ro, ri, t′B)|2〉 [Eq. (40)] at the ballistic time tB , such that:
SMRt =
S2
(4pi)2
σ
δ2r
(
W
δr
)2
e−2F
′/`s∆ω
α(t′B)
. (41)
Compared to confocal microscopy [Eq. (27)], the SMR in OCT is increased by a factor ∆ω(α/α(t′B)) which accounts for
the ratio of multiply scattered photons rejected by coherence time gating. Note that, in absence of any confocal filter in the
OCT system, the SMR can also be derived by multiplying, this time, the SMR previously derived for conventional microscopy
[Eq. (22)] with the factor ∆ω(α/α(t′B)).
The broader the source bandwidth is, the more efficient the discrimination is. Coherence time gating is usually performed with
a pulse laser [7] or with thermal light source in the case of full-field OCT [40–42], resulting in a coherence time τc = ∆ω−1 of
a few femtoseconds in the latter case. Figure 3(a) illustrates the benefit of a temporal discrimination of singly-scattered photons
by showing the SMR evolution with the optical depth F/`s for OCT. The considered experimental parameters, in particular the
coherence time τc, are provided in Table I. The SMR is drastically increased compared to conventional and confocal microscopy.
From the SMR, an imaging depth limit can be deduced as the optical depth at which the SMR reaches a detection threshold of
the order of unity. The corresponding penetration depth limit is displayed as a function of the NA in Fig. 3(b). Thanks to the
temporal discrimination of the SS component, OCT allows to image the target at optical depths from 6`s (NA= 0.05) to 9.5`s
(NA= 0.5). The comparison with confocal microscopy illustrates the benefit of coherence time gating. This confirms that OCT
is currently the most mature optical microscopic technique.
Interestingly, in a recent paper [12], a matrix approach of OCT has been proposed to push back this fundamental limit of MS.
Experimentally, this approach, referred to as smart-OCT, relies on the measurement of a time-gated reflection matrix from the
scattering medium. An input-output analysis of the reflection matrix allows to get rid of most of the MS contribution. Iterative
time-reversal [46, 47] is then applied to overcome the residual MS contribution as well as the aberration effects induced by the
turbid medium itself. In terms of SMR, the smart-OCT approach allows to improve the OCT performance by a factor N , the
number of spatial degrees of freedom provided by the imaging system. This leads to an extension of the imaging-depth limit by
almost a factor two compared to standard OCT [see Fig. 3].
IMAGING OF AN EXTENDED TARGET
In the previous section we have derived the expression of the SMR for various imaging methods in the case of an individual
scatterer. However, extended reflectors, such as a United States Air Force (USAF) target, are often used as figure of merit to
demonstrate performances of imaging techniques in scattering media. We now propose to investigate this configuration which,
as we will see, can notably change the expected performances of the different imaging methods.
Single scattering component in the pupil plane
For an extended target such as a United States Air Force (USAF) target or an interface between tissue layers in medical
imaging, the target can be considered as a mirror of reflectivity ρ [Fig. 5(a)]. For the sake of simplicity, the target is assumed
to be in the focal plane (z = 0) and its normal n aligned along the optical axis. The Rayleigh-Sommerfeld integral can be used
to express the reflected wave-field in the pupil plane, gS(uo,ui, ω), as a function of the incident wave-field in the focal plane,
gl(r‖,ui, ω), such that:
gS(uo,ui, ω) = 2ρ
∫
d2r‖gl(uo, r‖, ω)∂ngl(r‖,ui, ω) . (42)
Using the expression of the lens impulse response 〈gl〉 given in Eq. (2), the ensemble average of gS(uo,ui, ω) can be simplified
into:
〈gS(uo,ui, ω)〉 = 2ie4ikfkρe−L/(`sµo)δr (ui + uo) (43)
Unlike a point-like target that gives rise to a constant reflected intensity in the pupil plane [Eq. (5)], a mirror-like interface implies
a specular reflection: gS(uo,ui, ω) 6= 0 only when ui = −uo.
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FIG. 5: (a) Scheme of an extended target placed behind a scattering layer of thickness L. (b) Single-to-multiple scattering ratio as a function
of the optical thickness L/`s for an extended target. The performances of conventional microscopy (black line), confocal microscopy (blue
line) and OCT (red line) are compared. The y-axis is in log-scale. These curves have been computed considering experimental parameters
typical of full-field OCT (see Table I) and for a target reflectivity |ρ| = 1. The detection threshold (SMR∼ 1, black dashed horizontal line)
yields an imaging depth limit of ∼ 3.5`s for conventional microscopy, ∼ 7.5`s for confocal microscopy, ∼ 12`s for OCT. (c) Evolution of
the corresponding penetration depths derived for each imaging technique as a function of the NA of the MO. In panels (a) and (b), the SMR
in OCT has been computed by considering either the diffusive approximation [Eq. (39)] or a Monte-Carlo calculation of the time-dependent
albedo (continuous and dashed lines, respectively).
Conventional microscopy
A conventional microscopy configuration is now considered with a detector point ro in the imaging plane. The corresponding
impulse response gS(ro,ui, ω) can be expressed as a Fourier transform at reception of gS(uo,ui, ω) [see Eq. (15)]. It yields:
〈gS(ro,ui, ω)〉 = e6ikf 2kρ
λf
e−2L
′/`sp (−ui) ei kf ui.ro (44)
with L′, the effective scattering thickness, such that
e−L
′/`s =
1
2 sin2(β/2)
∫ 1
cos β
dµoe
−L/(`sµo). (45)
Not surprisingly, the reflected wave-field corresponds to a plane wave of parallel momentum −kui/f weighted by the pupil
function p (−ui). The corresponding SMR can be expressed as the ratio between the target intensity |〈gS(0,ui, ω)〉|2 and the
MS background
〈|gM (ro,ui, ω)|2〉 previously derived in Eq. (21):
SMRm =
( |ρ|
2NA
)2
e−2L
′/`s
α
. (46)
Contrary to its expression for a point-like target [Eq. (22)], the SMR in conventional microscopy for an extended target is not
sensitive on aberrations and tends to decrease with the NA of the MO [see Fig. 5(c)]. Figure 5(b) shows the evolution of the
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corresponding SMR with the optical thickness in the experimental conditions provided in Table I. Not surprisingly, the SMR
level is much higher than in the case of a point-like target [Fig. 3(a)]. The imaging depth limit is of 3.5`s for an extended
target. This result demonstrates why an experimental demonstration based on the imaging of a resolution target cannot be used
to estimate the penetration depth of an imaging technique.
Confocal microscopy
The confocal microscopy configuration can also be addressed by means of a Fourier transform of the wave-field this time at
the input [see Eq. (23)]. The corresponding impulse response 〈gS(ro, ri, ω)〉 is then given by
〈gS(ro, ri, ω)〉 = e8ikf 2kρe
−L′/`s
δ2r
h (ro − ri) . (47)
Interestingly, the SS component does not depend on the product of the input and output point-spread function [Eq. (24)] but on
a single point-spread function h (ro − ri). The corresponding SMR can be expressed as the ratio between the target intensity
|〈gS(0,0, ω)〉|2 and the MS background
〈|gM (ro, ri, ω)|2〉 previously derived in Eq. (26):
SMRc = S|ρ|2
(
W
λ
)2
e−2L
′/`s
α
. (48)
Contrary to its expression for a point-like target [Eq. (27)], the SMR for an extended target scales as S (and not as S2). Not
surprisingly, confocal microscopy is thus less sensitive to aberrations for an extended target. More interestingly, the extended
size of target implies a SMR scaling as (W/λ)2 instead of (W/δr)2 [see Eqs. (27) and (48)]. Unlike the point-like target case,
the confocal gain does not depend on the NA for an extended target. Physically, this can be understood as follows: An extended
target will back-reflect all the incident ballistic energy whatever the NA, whereas a point-like target will only scatter a fraction
of it (∼ σ/δ2r , see Eq. (27)). For an extended target, the imaging performance thus slightly decreases with the NA [see Fig. 5(c)]
because the effective optical thickness L′ increases at larges angles of incidence and reflection. Figure 5(b) shows the evolution
of the corresponding SMR with the optical thickness in the experimental conditions provided in Table I. The optical thickness
limit for confocal microscopy is here of about 7.5`s, which is almost two times deeper than for a point-like target [see Fig. 3(a)].
Again, this difference shows why an experimental demonstration based on the imaging of a resolution target cannot be used to
estimate the penetration depth of a confocal microscope.
Optical coherence tomography
With regards to OCT, the time-gated target signal 〈fS(ro, ri, tB)〉 can be derived by injecting the expression of 〈gS(ro, ri, ω)〉
[Eq. (47)] into Eq. (30). It yields
〈fS(ro, ri, tB)〉 ∼ 2ρk
δ2r
e−L
′/`s∆ω|s0(ω0)|2h(ro − ri) (49)
The SMR in OCT is then deduced by considering the ratio between the target intensity |〈fS(0,0, tB)〉|2 [Eq. (49)] and the MS
intensity
〈|fM (ro, ri, t′B)|2〉 [Eq. (40)] at the ballistic time tB , such that
SMRt = S|ρ|2
(
W
λ
)2
e−2L
′/`s∆ω
α(t′B)
(50)
As for confocal microscopy, the extended size of target implies a SMR scaling as (W/λ)2 and S instead of (W/δr)2 and S2
for a point-like target [see Eqs. (50) and (41)]. Therefore, the penetration limit slightly decreases with the NA of the MO for an
extended target [see Fig. 5(c)], in contrast with the point-like target case [see Fig. 3(b)]. Figure 5(b) shows the evolution of the
corresponding SMR with the optical thickness in the experimental conditions provided in Table I. Coherence time gating allows
to push back the optical thickness limit to 12`s, instead of 7.5`s for confocal microscopy. This theoretical value is in agreement
with the imaging-depth limit recently reached by Kang et al. [11] with a resolution target.
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FIG. 6: Modeling of soft tissues. The biological media are made of randomly distributed scatterers at a concentration n. The brightness of
tissues can be quantified by the back-scattering cross-section σb[Eq. (55)].
IMAGING OF SOFT TISSUES
Most optical microscopy techniques aim at imaging soft tissues themselves rather than just detecting a bright target through
them. In this last section, we thus address this important issue for medical applications.
In biological media, the SS signal results from the incoherent summation of the echoes due to scatterers randomly distributed
inside the volume V of the focal spot [see Fig. 6]. In an isotropic medium, the corresponding overall scattering cross-section σ
is given by
σ = 4pin
dσs
dΩ
V = nσsV (51)
n is the concentration of scatterers, dσsdΩ is the differential scattering cross-section of each scatterer and σs their scattering cross-
section. In the dilute regime, the scattering mean free path `s is directly equal to (nσs)−1 [24], which yields the following
relation
σ =
V
`s
(52)
However, the scattering of soft tissues is generally highly anisotropic. To take into account the weakness of light back-
reflection in biological media, a back-scattering cross-section σb is thus introduced to replace σ [Eq. (51)]:
σb = 4pin
〈
dσ
dΩ
〉
NA
V (53)
where 〈dσ/dΩ〉NA is the average of the differential scattering cross-section dσ/dΩ over the NA of the MO:〈
dσ
dΩ
〉
NA
=
1
2 sin2(β/2)
∫ β
0
dθ
dσ(θ)
dΩ
sin θ (54)
In analogy with the isotropic case [Eq. (52)], one can define a back-scattering mean free path, such that:
σb =
V
`b
. (55)
In soft tissues, the back-scattering mean free path `b is of the order of transport mean free path `t.
Conventional and confocal microscopy
In conventional or confocal microscopy, the volume V of the focal spot is pδ2r with p the depth of field of the MO [48]:
p = 2nλ/(NA)2 (56)
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The backscattering cross-section σb of the focal spot [Eq. (55)] is thus given by:
σb =
pδ2r
`b
. (57)
By replacing σ by σb into Eq. (22), the SMR in conventional microscopy can be expressed as:
SMRm =
S
(4pi)2
p
`b
e−2F
′/`s
α
. (58)
Compared to the case of a point-like target [Eq. (22)], the SMR in conventional microscopy increases with the depth-of-field
p and thus decreases with the NA in soft tissues. Decreasing the NA seems more favorable to mitigate the effect of MS but
this is of course at the cost of a loss in resolution. Anyhow, the penetration depth is extremely shallow in biological tissues for
conventional microscopy.
The confocal SMR can also be derived by injecting the expression of σb [Eq. (57)] into Eq. (27),
SMRc =
S2
(4pi)2
p
`b
(
W
δr
)2
e−2F
′/`s
α
=
n3S2
2pi2
W 2
λ`b
e−2F
′/`s
α
. (59)
Compared to the confocal imaging of point-like or targets [Eqs. (27) and (48)], the confocal SMR in soft tissues should not
depend on the NA. The confocal elimination of the MS background, that scales as N = (W/δr)2, is counterbalanced with a
shallower depth-of-field p [Eq. (56)] that implies a smaller SS contribution. Figure 7(a) displays the corresponding SMR as a
function of the optical depth F/`s in the experimental conditions provided in Table I. The differential scattering cross-section
[Eq. (54)] is described by a Henyey-Greenstein phase function. Compared to the point-like target case, the penetration depth
of confocal microscopy is here much smaller (1`s) because of the weak back-reflection in soft tissues. Figure 7(b) confirms
that observation by displaying the evolution of the penetration depth with the anisotropy factor η = 1 − `s/`t for NA = 0.4.
Whereas the penetration depth is of almost 3`s in the isotropic case (η = 0), it goes below 1`s for an extreme anisotropic case
(η = 0.99).
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FIG. 7: Imaging depth limit in biological tissues considering experimental parameters typical of full-field OCT (see Table I). (a) Single-to-
multiple scattering ratio as a function of the optical thickness F/`s . The performances of confocal microscopy (blue line) and OCT (red
line) are compared. The SMR in OCT has been computed by considering either the diffusive approximation [Eq. (39)] or a Monte-Carlo
calculation of the time-dependent albedo (continuous and dashed lines, respectively). (b) Evolution of the penetration depths derived for
confocal microscopy (blue continuous line) and OCT (diffusive prediction, dashed line) as a function of the anisotropy factor η.
Optical coherence tomography
In OCT, the axial resolution is no longer determined by the depth of field p of the MO but by the coherence time τc = (∆ω)−1
of the light source such that V = cτcδ2r/2. The scattering cross-section of scatterers contained in the same voxel is thus given
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by:
σ =
cδ2r
2`b∆ω
. (60)
By injecting this last expression of σ into Eq. (41), the SMR in OCT can be expressed as:
SMRt =
S2
(4pi)2
c
2`b
(
W
δr
)2
e−2F
′/`s
α(t′B)
. (61)
Contrary to previous expressions of the SMR in OCT for a point-like or an extended target [Eqs. (41) and (50)], the SMR does
not depend on the bandwidth of the light source, or equivalently on its coherence time, in a first approximation. A broader
bandwidth for the light source improves the axial resolution of the image but does not increase the SMR when imaging a random
distribution of scatterers. This remains true as long as the time-dependent albedo can be considered as constant over the time
gate. As already pointed out experimentally [49], the imaging performance does not depend on the NA. There is indeed a balance
between the confocal gain N = (W/δ)2 in Eq. (61) and the increase of the effective optical depth F ′ at large NA. Figure 7(a)
displays the corresponding SMR as a function of the optical depth F/`s in the experimental conditions provided in Table I. The
penetration depth for OCT reaches a value of 5`s for soft tissues. This imaging depth corresponds to approximately 1 mm in
the case of biological tissues. This prediction is in agreement with the values found in the literature [2]. Note that, for low NA,
a part of the multiple scattering contribution (snake photons [2]) can contribute to the OCT signal and therefore increase the
penetration depth. This effect is beyond the scope of this paper but has already been studied in the literature [20].
CONCLUSION
A simple analytical model is developed to describe the principle and the performances of conventional microscopy, confocal
microscopy, optical coherence tomography and related methods. Our approach provides different analytical expressions of the
single-to-multiple scattering ratio according to the nature of the object. Qualitatively, it provides the scaling of this key quantity
with the different parameters of the imaging apparatus and the scattering properties of the turbid medium. Quantitatively, it
predicts the penetration depths provided by these different imaging techniques. Our predictions are in good agreement with
the experimental values found in the literature. This work will provide a useful theoretical framework for the current and
forthcoming studies [11–13] aiming at pushing back the multiple scattering limit in optical microscopy.
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